Abstract. Acoustic radiation force has been proposed as a method of interrogating the mechanical properties of tissue. One simple approach applies a series of focused ultrasonic pulses to generate an acoustic radiation force, then processes the echoes returned from these pulses to estimate the radiation-force-induced displacement as a function of time. This process can be repeated at a number of locations to acquire data for image formation. In previous work we have formed images of tissue stiffness by depicting the maximum displacement induced at each tissue location after a finite period of insonification. While these maximum displacement images are able to differentiate materials of disparate mechanical properties, they exploit only a fraction of the information available. In this paper we show that the time-displacement curves acquired from tissue mimicking phantoms exhibit a viscoelastic response which is accurately described by the Voigt model. We describe how the viscous and elastic parameters of this model may be determined from experimental data. Finally, we show phantom images that depict not only the maximum local displacement, but also the viscous and elastic model parameters. These images offer complementary information about the target.
Introduction
Changes in the mechanical properties of soft tissues are known to correlate with the presence of disease. In the breast for example, a region of increased stiffness may indicate the presence of a tumour. In the eye, the vitreous body undergoes dramatic changes in mechanical properties during the degradation which precedes the formation of retinal detachment. In these and many other examples, improved measurement of tissue mechanical properties could lead to greater understanding of disease development and improved clinical diagnosis.
A variety of techniques to estimate tissue elasticity have been proposed in the past decade. Most apply either a step (Ophir et al 1991 , O'Donnell et al 1994 or sinusoidal (Lerner et al 1988 , Walker et al 1993 , Muthupillai et al 1995 force to the surface of the tissue, and then use ultrasound or other methods to estimate resultant displacements. These approaches are quite elegant, but may be unable to generate measurable strains or displacements in deep-lying tissues and soft tissue within harder shells. A number of alternative techniques may avoid this limitation by utilizing acoustic radiation force to apply forces internally, and employing either audio (Fatemi and Greenleaf 1996) or ultrasonic (Sugimoto et al 1990 , Sarvazyan et al 1998 , Walker et al 1997 methods to detect resulting displacements. These methods, however, are unlikely to achieve the larger forces available by direct application of force at the tissue surface (Walker 1999) . Elasticity estimation techniques also differ depending upon whether they measure local strain or local displacement. For harder tissues, strain estimation is probably necessary since a local force displaces tissue at long distances from the point of application. For softer tissues, however, the displacement field resulting from a local force application is quite localized, making displacement a useful measure of tissue properties.
We have previously described a method for forming images of tissue stiffness using acoustic radiation force (Walker et al 1997) . This approach is shown schematically in figure 1. A series of ultrasonic pulses are fired to the same location in tissue. The echoes from a subset of these pulses are then processed to yield a time-displacement curve for that particular location. This process is repeated at multiple locations to acquire data for image formation. The simplest images formed with this technique depict the maximum displacement induced at each location within the sample.
Most existing techniques, including the method described above, measure the maximum induced displacement or strain after some finite period of force application. For simple elastic materials, the displacements measured by these techniques are inversely proportional to their elastic moduli, with some distortion due to local boundary conditions. In viscoelastic materials, however, these displacements hold combined information about both viscous and elastic tissue components. While these parameters cannot be estimated from a single maximum displacement value, they can be easily found from the complete time-displacement data usually acquired by these methods. A more complete picture of tissue viscoelastic properties may offer valuable diagnostic information.
In this paper we show how time displacement data acquired by our radiation force imaging system may be processed to yield viscoelastic parameters. We present experimental phantom data that closely matches the Voigt viscoelastic model. We show separate images of material elasticity and viscosity for a range of tissue mimicking phantoms. Finally, we discuss possible medical applications of these techniques.
Theory
Biological tissues exhibit extremely complex mechanical behaviours, with dozens of theoretical models applied to predict their response to applied force. In this paper we apply one of the simplest models, the Voigt model, to describe the viscoelastic response of soft tissue to acoustic radiation force. The Voigt model, shown schematically in figure 2, simply consists of an elastic component in parallel with a viscous component (Fung 1981) . The governing differential equation for this model is:
where F (t) is the applied force as a function of time, x(t) is the induced displacement as a function of time, k is the elastic constant and µ is the viscous constant. Our goal is to determine model parameter values (µ and k) which yield the best agreement with experimental displacements. However, before we can predict displacement we must develop a model of the forcing function which is experimentally accurate and analytically simple. Our experimental system applies radiation force by transmitting a series of up to 10 000 ultrasonic pulses to the same location in tissue. Each of these pulses has a centre frequency of 10 MHz with a fractional bandwidth of as little as 5%. With a total pulse length of less than 2 µs, the duration of these pulses is much shorter than the typical viscoelastic response of soft tissue, allowing them to be modelled as force impulses. (Note that the viscoelastic time constant for the vitreous is of the order of 0.3 s (Lee et al 1992) . Other soft tissues may exhibit even greater time constants, with cartilage for example exhibiting a time constant of the order of 5 s (Duck 1990 ).) With the acoustic pulses effectively inducing force impulses, the applied radiation force function is reasonably modelled as a delayed rect function multiplied by a series of delta functions. The width of the rect corresponds to the length of insonification and the time between delta functions is the time between pulse transmissions. This model can be further simplified by considering the fact that we do not measure the response of tissue after the cessation of radiation force. Thus, since tissue must have a causal response to applied forces, the forcing function can be modelled as a unit step function multiplied by a series of delta functions:
where A d is the force amplitude, u(t) is the unit step function, δ(t) is the Dirac delta function and t is the pulse interval. Our experiments are typically performed at a pulse repetition frequency of 5.0 kHz or greater, making the pulse interval less than or equal to 200 µs. Assuming that the tissue cannot relax significantly in 200 µs, the model forcing function may be further simplified to a unit step function:
where A is the force amplitude, adjusted from that of equation (2) to ensure that the same total force is applied in both cases. (The assumption that little relaxation occurs in 200 µs is supported by the knowledge that the time constants of soft tissue are between 0.3 and 5.0 s (Lee et al 1992 , Duck 1990 ).) Substituting equation (3) into equation (1) and solving for the displacement yields:
This expression predicts the displacement of the Voigt tissue model induced by a step forcing function. It predicts that the tissue displacement will rise asymptotically to the displacement which would have been achieved if the elastic component were present alone. Also note that the displacement rises with a time constant determined by both the elastic and the viscous parameters.
Parameter estimation
The preceding analysis predicts tissue displacement relative to its location at the start of insonification. Unfortunately this result cannot be directly applied to our experimental data because we are unable to estimate tissue location before the start of insonification. Our experimental system acquires echoes from every N th pulse transmitted, starting with pulse N. Thus, estimated displacements are referenced to the tissue position at transmission N , which is unknown relative to the true starting location. Our estimated displacements are then equal to the true displacement minus the displacement at the time of the N th pulse transmission:
wherex(t) is the model for measured displacement. If we consider only times greater than N t, which are the only times for which data are available, this expression simplifies to:
In the experiments described in this paper the force scaling constant A was not measured. Thus, the time-displacement data acquired by these experiments can be used to solve for only two of the three parameters in equation (6). We address this limitation by redefining the expression using relative measures of elasticity (k r ) and viscosity (µ r ):
where k r = k/A and µ r = µ/A. This expression can be applied directly to the experimental results described below.
Experimental methods
The validity of the Voigt model and the utility of relative elasticity and relative viscosity as imaging parameters were tested by interrogating a series of tissue mimicking phantoms using a custom ultrasound system. B-mode, maximum displacement, relative elasticity and relative viscosity images were formed of each phantom. Experiments were performed using the system shown in figure 3. Ultrasonic transmission and reception was performed using a 10 MHz, 1.0 cm diameter piston transducer focused at a range of 4.0 cm. The transducer was located at a range of roughly 3.1 cm from the upper surface of each phantom, placing the focus inside the 1.8 cm diameter target. A computer controlled positioning system was used to translate the transducer through 150 lateral locations separated by 200 µm. At each location 5000 pulses were transmitted at a pulse repetition frequency of 5.0 kHz. Echoes from every 100th pulse, beginning with pulse number 100, were acquired and transferred to a general purpose computer for later processing. Transmitted pulses were Gaussian enveloped sinusoids with a centre frequency of 10 MHz, and a full-width at half maximum fractional bandwidth of 20%. These pulses were synthesized using an arbitrary waveform generator and were amplified by 50 dB for transmission. The amplifier output was routed through a pair of back-to-back diodes and a custom multiplexer before reaching the transducer. After transmission the multiplexer state was switched to connect the transducer to a receive preamplifier. The output of the preamplifier was digitized by the oscilloscope and transferred via GPIB to the computer for storage. All major system parameters were under computer control. A common 250 MHz clock was used to sample the transmitted waveform and received echoes. This same clock was divided down to generate the pulse repetition frequency for the system. Use of a common clock for all system components reduced sampling jitter to the order of picoseconds.
Received radio-frequency echoes were digitally filtered with a passband between 8.5 and 11.5 MHz. B-mode images were formed by using the Hilbert transform method to envelope detect the filtered echo data. The displacement for each location and pulse number was estimated by performing a sum absolute difference (SAD) search between the first and N th radio-frequency echoes. Subsample displacements were estimated by quadratic interpolation. Estimates were made every 308 µm using 616 µm data windows. This processing yielded a three-dimensional data set indicating displacement as a function of axial position, lateral position and transmitted pulse number.
Maximum displacement images were formed by mapping the greatest displacement achieved at each location at the end of insonification. Relative elasticity and relative viscosity (7) shown as solid lines. The close agreement between the model and experimental data indicates that the Voigt model is appropriate for these materials.
parameter values were estimated from experimental data by minimizing the squared difference between experimental data and the model of equation (7) using the Nelder-Mead simplex search as implemented in the MATLAB function fmins (Nelder and Mead 1965) . The quality of the parameter estimates was quantified by calculating the squared correlation between the experimentally measured time-displacement curve and the model fitted to that data. Figure 5 depicts experimental images of a set of four tissue mimicking phantoms. Phantoms consisted of a soft acrylamide gel contained within a polyethylene membrane, with sephadex added as a scattering agent. A complete description of phantom construction is presented in the appendix. Gel mechanical properties were not characterized; however, experience with biological samples leads us to believe that their elasticities were on the order of 1 Pa. If this estimate is correct, these phantoms have an elastic modulus close to that of the human vitreous (Zimmerman 1980) , and nearly four orders of magnitude lower than human Figure 5 . Experimental images of a series of tissue mimicking phantoms. The first row depicts the B-mode images of these phantoms. The phantom is clearly visible in the centre of each image, with a stiff sponge visible at the bottom of the image. Each column of the image set corresponds to a different phantom. From left to right the phantom concentrations are 1.85%, 1.91%, 1.93% and 1.95%. The second row depicts the maximum displacement images of each phantom. The colour bar at the right indicates measured displacement in microns. Regions where echo levels were too low to allow reliable displacement estimation are indicated in blue. The third row shows images of relative elasticity for each phantom. As in part B, low-echo regions are indicated in blue. In additions, regions where the correlation between experimental time-displacement data and the model predictions fell below 0.995 are also mapped blue. The fourth row depicts relative viscosity images of each phantom. Low signal regions and poor model fits were suppressed as described above.
Experimental results
breast tissue (Sarvazyan et al 1995) . The phantoms were constructed of acrylamide gels with concentrations of 1.85%, 1.91%, 1.93% and 1.95%. The first row depicts the B-mode images formed of these phantoms. In each case a cross section of the cylindrical phantom is shown in the centre of the image with water surrounding it and a stiff sponge visible at the bottom of the image. Note that the four phantoms appear indistinguishable in the B-mode images.
The second row of figure 5 depicts the maximum displacement images formed of each of these phantoms. The colour bar at the right of the series indicates the measured displacement in µm. Low-displacement regions are indicated in black, with increasing displacements indicated by red, orange, yellow and eventually white. The maximum displacement depicted in these images is 140 µm. Blue regions of the image indicate locations where the echo level was deemed too low to allow useful displacement estimation. In each image the sponge shows effectively no motion, as expected from its high stiffness. In the phantoms, displacement decreases with increasing gel concentration. Again, this is expected since higher-concentration gels should have higher elastic moduli (Hall et al 1997) . Displacement is reduced near the lateral edges of the phantoms. Lower displacement is also observed at the top and bottom of each phantom.
The third row of figure 5 depicts images of the relative elasticity of each phantom. As with the maximum displacement images, regions with low echogenicity have been masked from the display. In addition, regions where the correlation between the fitted model and the experimental time-displacement data fell below 0.995 were masked because of the weak fit of the model in these areas. These images show higher relative elasticity for the higher concentration phantoms, as expected. The relative elasticity in the 1.95% phantom is saturated in these images. Note that the sponge is not visible in any of these images. Since the sponge didn't move significantly, its time-displacement curve was dominated by noise, and the Voigt model fit poorly. In each of these images the lateral edges of the phantom exhibit a higher relative stiffness than the rest of the phantom.
The fourth row of figure 5 depicts a series of relative viscosity images. Regions where the correlation between model and experimental displacements fell below 0.995 were masked. In these images the relative viscosity is roughly constant between phantoms, but increases somewhat in the stiffest phantom. This increase may be the result of a greater resistance to fluid flow through the gel at higher gel concentrations. These images also exhibit artefacts along the lateral borders.
Discussion
The images presented in this paper show that acoustic radiation force can be used to image tissue mechanical properties. Displacement, relative elasticity and relative viscosity images all show trends which would be expected based on gel concentrations. Furthermore, based on the observation that large displacements were generated very close to the phantom boundary, these approaches seem to offer good spatial resolution. Noise levels are also low in these images.
All of the presented images show an obvious artefact along the edges of the phantoms. In these regions the displacement was greatly reduced. We believe that this was because a lower local force was applied because of a reduction in the acoustic energy reaching these locations. This is supported by the lower B-mode image brightness within the phantoms in these regions and the reduced sponge brightness beneath these areas. The local acoustic intensity may have been reduced because of greater attenuation as the incident wave travelled through more of the polyethylene casing of the phantom. The higher angle of incidence of the incoming beam with the phantom boundary may also have caused an increase in the amount of energy reflected at the phantom surface. It may be possible to compensate for either effect by examining the image brightness along each line of sight.
The displacement images show a reduction in motion at the top and bottom of each phantom. This may have resulted from a restriction of motion due to the nearby phantom casing. Alternatively it might be the result of a reduction in the applied force in these regions. Since the applied radiation force is proportional to the acoustic intensity, a reduction in the applied force is expected away from the focus (Walker 1999) . It may be possible to compensate for a reduction in force away from the focus by applying a model of the applied force. Such a model must include transducer geometry, speed of sound, and attenuation (Walker 1999) . Although this approach may not be tenable in all cases, it should be useful in areas where overlying tissue geometry and acoustic properties are well known and consistent from individual to individual. The eye represents one such region.
The results presented in this paper seem to confirm that the Voigt model is appropriate for acrylamide gel phantoms. It should be noted, however, that our current approach is unable to differentiate between the response of a material fitting the Voigt model and one fitting the standard linear solid (Fung 1981) . The standard linear solid differs from the Voigt solid by the addition of an elastic component in series with the viscous component. This change allows the standard linear solid to undergo instantaneous deformation like purely elastic materials, but also relaxation processes like those seen in the Voigt model. Because our system measured displacement after the start of the application of the force, it was unable to detect any instantaneous displacements. Therefore it was not possible to determine if the standard elastic model was more appropriate for these phantoms.
A number of tasks will be necessary for continued development of the method described here. First, independent measures of material properties must be compared with the results of the radiation force imaging method. This has not been done to date because we lack a measurement device which is sensitive enough to characterize these materials. A second goal will be refinement of the phantom construction method described here. Although phantoms generally exhibit the expected relationship between elasticity and concentration, there are occasionally significant deviations. We are exploring the sources of this variation and hope to improve the repeatability of our process. A third goal will be imaging of inhomogeneous phantoms. We intend to explore the ability of the described approach to identify local variations in material properties.
Our current clinical goal in the development of these techniques is the ability to noninvasively image the mechanical properties of the vitreous body of the eye. At birth the vitreous is a uniform 1% collagen gel supported by hyaluronic acid molecules throughout the matrix (Sebag 1989 ). As we age the hyaluronic acid diffuses out of the vitreous and it begins to collapse and degrade, forming mixed regions of gel, fluid and collagen strands. At some locations the vitreous may remain attached to the retina so that when it collapses it exerts a steady traction. Over time this traction can separate the sensory retina from the underlying retinal pigment epithelium, and even cause tearing. Once the retina becomes torn, normal fluid currents in the eye may sweep under it and increase the area of separation, forming a rhegmatogenous retinal detachment (Michaels et al 1990) . If left untreated this condition will certainly result in blindness of the affected eye. Our goal is to image the changes in the mechanical properties of the vitreous body which precede the development of retinal detachment. Such an ability would increase understanding of the formation of retinal detachments and might allow earlier detection of high-risk patients, enabling preventative treatments.
Radiation force imaging may prove to have applications beyond ophthalmology. To date, most attention has focused on the use of radiation force to characterize the mechanical properties of breast and prostate tissue (Sugimoto et al 1990 , Sarvazyan et al 1998 . The goal of this work is the detection of cancerous lesions which exhibit a greater modulus of elasticity than surrounding tissue. While the methods described in this paper could theoretically be adapted to these tissues, the relatively high elastic modulus of breast and prostate tissue may limit real-world application. For example, breast tissue exhibits an elastic modulus of about 1 × 10 4 Pa (Sarvazyan et al 1995) , making it roughly five orders of magnitude stiffer than the vitreous (Zimmerman 1980) . This increase in elastic modulus seriously limits the displacements which can be generated by radiation force (Walker 1999) . Model predictions indicate that a displacement of only 0.05 µm would be generated in the breast at an acoustic power of 1.0 W cm −2 . If the acoustic power is allowed to increase to the point where a thermal increase of 1.0
• C is generated after 10 s of exposure, then the maximum displacement increases to approximately 0.6 µm. This displacement is smaller than typical cardiac and respiratory motion, making it extremely difficult to detect. Furthermore, a 0.6 µm displacement corresponds to a time shift of only 0.8 ns. Signal decorrelation and electronic noise would make such a delay undetectable (Walker and Trahey 1995) . Thus, successful application of radiation force imaging in the breast seems unlikely.
Radiation force imaging might also be used to characterize developing thrombi. In vivo application would improve diagnosis of blood clots and improve thrombus characterization to inform appropriate treatment. In vitro application would improve basic understanding of clot formation and would enable direct testing of the effects of therapeutic agents. Since thrombi are extremely soft, especially in early stages of formation, it seems likely that measurable displacements could be generated. In in vitro applications acoustic power could be increased, and sources of external motion reduced to enable accurate measurement. Thrombus characterization offers an exciting and likely practical application of acoustic radiation force.
Conclusion
This paper has described a method for using acoustic radiation force to image the viscous and elastic components of tissue. Acoustic radiation force was used to induce target motion and ultrasonic tracking methods were applied to estimate the resulting displacement as a function of time. The Voigt model was fitted to experimental data and each spatial location was characterized by its relative viscosity and relative elasticity. Relative elasticity increased with increasing gel concentration, as expected. Relative viscosity showed little variation. The proposed method appears quite robust.
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Appendix. Phantom construction
Phantoms were constructed by placing acrylamide gels in 38 micron thick polyethylene casings. Gels were formed by combining acrylamide solution, TEMED, water and ammonium persulfate (APS). On the morning of the experiments, acrylamide and bis-acrylamide powders were combined in a mass ratio of 29 to 1. Deionized water was added to these reagents to yield 10 ml of solution per 3.0 g of reagent. A stock APS solution was prepared by dissolving APS crystals in deionized water to yield 10 ml of solution per 1.0 g of APS. These solutions and a significant volume of deionized water were degassed under house vacuum for approximately 1 h. During this procedure bubbles were eliminated by tapping the containers at 15 min intervals.
A 30 ml solution was prepared for each phantom by combining 150 µl of the APS solution, 15 µl of TEMED, X ml of the acrylamide solution and (30 − X) ml of water, where X is the ultimate gel concentration. Sephadex (wet particle size from 20 to 80 µm) was added in a concentration of 0.035 g per 30 ml of phantom material. The resultant solution was vortexed under house vacuum to ensure thorough mixing without the introduction of air bubbles. The solution was poured into a polyethylene casing which was sealed and tumbled gently for approximately 1 h. This was done to prevent settling of the sephadex during the gelation process.
